In the past two decades, microfluidics has become of great value in precisely aligning cells or microparticles within fluids. Microfluidic techniques use either external forces or sheath flow to focus particulate samples, and face the challenges of complex instrumentation design and limited throughput.
Introduction
Microfluidics has received considerable attention in recent years for ordering and focusing cells and microparticles into a single stream inside microchannels for a variety of biomedical and clinical applications. [1] [2] [3] [4] Some of the promising advantages of such systems include reduced sample volume, faster sample processing, high efficiency, high throughput and low cost. 1 Active microfluidic systems that rely on acoustic, [5] [6] [7] dielectrophoretic, 8, 9 or optical 10, 11 principles to focus microparticles into a single stream have been reported. They often offer high precision and efficiency, but require sophisticated external controls and complex device fabrication. 1 Conversely, passive techniques rely on the inherent hydrodynamics to order microparticles. For instance, hydrodynamic focusing 1, [12] [13] [14] is the most widely-used passive technique for particle focusing in which one or multiple sheath flows are used to pinch particle sample flow into a band (2D focusing) or a single stream (3D focusing). Although conceptually simple, this approach requires additional fluidic instrumentation and a delicate balance of sheath and sample flows to generate tight focusing, which complicates the setup and operation.
Other passive techniques such as hydrophoretic drifting 15 use channel geometry-induced pressure field to focus microparticles without the need of sheath flow. This dramatically simplifies the system, but leads to a very limited throughput (<1 μL min −1 ). 15 Inertial microfluidics has been receiving considerable attention in recent years for the ability to passively focus [16] [17] [18] [19] and sort [20] [21] [22] [23] [24] [25] [26] [27] [28] [29] [30] [31] microparticles at throughputs that are orders of magnitude higher than other techniques. [32] [33] [34] [35] [36] Inertial microfluidics uses the inertial effect of fluids around microparticles to drive them across flow streamlines and order them into equilibrium positions in microscale channels. 33, 34 Recent studies demonstrated precise 3D single-position focusing with high throughput and without the use of sheath flow and or external forces. Oakley et al. 37 used asymmetric serpentine channel to introduce cross-sectional secondary flow entraining particles into a single position in the downstream channel. Bhagat et al. 38 used spiral channel to introduce Dean flows for 3D focusing of microbeads and cells. Recently, Chung et al. 39, 40 reported the use of microstructure array such as micropillars or microcavities to generate cross-sectional secondary flow for 3D focusing. While precise focusing of cells and particles with throughput as high as~mL min −1 (ref. 38 ) and 2000-36 000 particles s −1 (depending on the particle concentration) 38, 39 has been achieved, these inertial microfluidic focusers rely on a combination of inertial lift and drag forces induced by secondary flows to confine the focusing position. [37] [38] [39] [40] This inevitably increases the complexity of device design and operation. For example, to focus microparticles in a spiral channel, one needs to carefully design and match multiple variables including the diameter of particles, the radius of curvature, channel length, cross-sectional dimension, and input flow. 41 Further, different sized microparticles exhibit distinct focusing behaviors, 17 which further complicates the device operation. The devices with microstructure array share similar challenges in which the use of inertial lift forces and additional secondary flow-induced drag restricts the design and operation parameters. In this work, we demonstrate a microfluidic chip that uses inertial lift as the only key driving force to focus cells and microparticles into a single-position. Our device consists of a low-aspect-ratio channel bifurcated into high-aspect-ratio channels with different hydrodynamic resistances. Based on our two-stage model of inertial focusing, 34 we combined inertial migration with asymmetric flow separation to achieve precise focusing of microparticles. Through theoretical and experimental investigations, we illustrate the focusing principle with~100% efficiency at the optimal Reynolds number Re = 40. Further, we integrated the device with a laser counting system 38 to form a sheathless flow cytometer and showed counting of 15 μm diameter microbeads with 
Results

Sheathless 3D focusing in straight microchannel
Sheathless 3D focusing of microparticles in a straight microchannel is achieved by taking advantage of inertial migration and hydrodynamic flow separation. Our device consists of a low-aspect-ratio (LAR) microchannel (channel width w > channel height h) as the upstream segment, which bifurcates into high-aspect-ratio (HAR) channels (h > w) downstream (Fig. 1a) . The upstream LAR microchannel uses inertial lift forces to order microparticles into equilibrium positions near the centers of top and bottom walls (Fig. 1b) . Downstream, the HAR channels with hydrodynamic resistance R 2 > R 1 further entrain microparticles into a single-position. The difference in hydrodynamic resistance between HAR channels leads to asymmetric flow separation at the bifurcation (Fig. 1c) . As a result, the center streamline along which microparticles focus in the upstream channel (red dash line) contorts into channel 1 near the inner sidewall (Fig. 1c) . The focused microparticles follow the central streamline and selectively enter channel 1 near the inner sidewall. Further downstream, particles migrate along the inner sidewall towards the center subject to the rotation-induced lift force F Ω . Ultimately, particles equilibrate at the center of the inner sidewall of channel 1, achieving sheathless 3D focusing at the same cross-sectional position.
To demonstrate device concept, we focused FITC-labeled 15 μm diameter polymer microbeads in a PDMS channel at Re = 40. The channel height was fixed at h = 50 μm, while the channel width was w u = 75 μm upstream and w d = 30 μm downstream. The downstream channel length was adjusted to a resistance ratio of R 2 /R 1 = 3. As illustrated in Fig. 1d , microbeads were uniformly dispersed in the fluid shown as a fluorescent band spanning the entire width at the channel entrance (L u = 0 mm). As microbeads traverse downstream, they gradually migrate to the center of the channel, as indicated by a bright fluorescent streak at L u = 25 mm. The bright field image at the same downstream position suggests that particles are positioned at two different focal planes near the top and bottom walls, appearing as dark and bright spheres due to differences in vertical planes (indicated with blue and red dash circles). At bifurcation, particle streaks appear in the downstream channel 1, indicating that particles selectively enter it due to asymmetrical separation of flow. Further downstream, bright field images at L d = 10 mm show that all microparticles are focused at the center of the inner sidewall, appearing as consistent bright spheres indicating successful 3D focusing in the same vertical plane (Fig. 1e) . 19, 37, 39, 40 In a control HAR channel, particles focus into two positions at the center of each sidewall.
Designing device dimensions
The lengths of the upstream LAR and the downstream HAR channel segments can be designed using the two-stage inertial migration model that describes inertial focusing in a microchannel with rectangular cross-section. 34 The minimum downstream length L necessary for focusing microparticles with diameter a in a channel with cross-sectional dimensions w × h is given by
where μ is fluid viscosity, ρ is fluid density, U f is the average flow velocity, and downstream lengths for focusing of particles a = 7-20 μm in diameter in microchannels with cross-sectional dimensions ranging from 50 μm × 30 μm to 125 μm × 50 μm. These calculations show that larger particles requires a shorter microchannel to focus due to the inertial lift forces that scale with particle diameter as F L~a 4 . 21, 42 These results also suggest that using channels with a smaller cross-section shortens the focusing channel, which is due to the increased inertial lift forces (F L~Dh −2 ) in smaller channel crosssection. 34 While designing the proper length of microchannel is critical for focusing of microparticles, the resistance ratio R 2 /R 1 of the downstream HAR channels dictates separation of the flow at bifurcation which is critical to entraining microparticles into the correct flow region downstream (Fig. 3 ). We developed a CFD-ACE+ model of the separation at the bifurcation of the upstream and the downstream sections. We used constant flow at Re = 40 and varied the resistance ratio R 2 /R 1 from 1 to ∞. The resistance ratio R 2 /R 1 was achieved by varying length of downstream channels 1 and 2. The device with R 2 /R 1 = ∞ was fabricated by selectively punching only the outlet of channel 1. As shown in Fig. 3a , at channel resistance ratio R 2 /R 1 = 1, flow is symmetrically separated. The central streamline (red dash line) and the separation boundary (blue solid line) overlap. Thus, the center-focused particles can enter either channel leading to two positions in channel 1 and 2. At R 2 /R 1 = ∞, the flow only enters channel 1 (Fig. 3c) . The central streamline stretches downstream to the center of channel 1 where the focused microparticles will be located. As a consequence, microparticles migrate towards either side wall leading to two possible positions in channel 1. At 1 < R 2 /R 1 < ∞, the flow is asymmetrically bifurcated (Fig. 3b) The resistance ratio R 2 /R 1 can be further refined to maximize tolerance to inertial focusing in the upstream microchannel. Providing the tolerance to inertial focusing is essential for processing samples with high concentration (e.g., >10
6 mL −1 ) in which microparticles may not be able to focus into narrow streaks along the central streamline due to interparticle interactions. To elucidate the resistance ratio R 2 /R 1 for maximum tolerance, we examined flow separation at channel bifurcation at R 2 /R 1 = 10. As illustrated in Fig. 3d , the blue solid line indicates the separation boundary of the flow located at y = −w/2 + |d 3 |. The distance between the boundary and the central streamline is |d 1 |. The yellow solid line at y = −w/2 + |d 3 |/2 is the secondary central streamline and represents the streamline that stretches to the center of the downstream HAR channel 1. The distance between the secondary central streamline and the central streamline is |d 2 |.
Microparticles focused between the boundary and the secondary central streamlines can be entrained downstream for single position focusing, while microparticles outside the region will either enter channel 2 or be focused near the outer sidewall of channel 1 (indicated as hollow circles). Considering the symmetry of inertial focusing around the central streamline at y = 0, the effective focusing region is defined as the area around the central streamline with a width of 2|d n | (n can be 1 or 2 depending on which streamline is closer to the central streamline). For example, at R 2 /R 1 = 10, |d 2 |<|d 1 | and the effective region has a width of 2|d 2 | around the central streamline, shown as the grey region in Fig. 3d . As resistance increases from 1 to ∞, the boundary streamline shifts up with the normalized distance |d 1 /w| increasing from 0 to 0.5 (Fig. 3e) . The secondary streamline shifts with the boundary with the normalized distance |d 2 /w| decreasing from 0.25 to 0. As a result, the width of the effective region 2|d n /w| first increases with the resistance ratio at R 2 /R 1 = 1~3 from 0 to 0.32. Then it gradually decreases as R 2 /R 1 > 3. The widest effective region 2|d n /w| equals 0.32 at R 2 /R 1 = 3. It indicates the optimal resistance ratio at R 2 /R 1 = 3 that provides the maximum tolerance to inertial focusing (Fig. 3e) .
Optimizing Re for 3D focusing with high efficiency Channel Re can be optimized to achieve 3D focusing with high efficiency. We used polymer microbeads with a diameter of 15 μm to investigate inertial focusing at Re = 2.6-78. At Re = 2.6, microbeads focused into a band at the bifurcation in the upstream LAR section because of limited inertial effect at low Re (Fig. 4a) (Fig. 4b) . Notably, at Re = 78, two additional intensity peaks appear near the sidewalls, validating the experimental observations in bright field images. The full width at half maximum (FWHM) of the intensity peaks decreases from~27 μm, until it saturates at 15 μm for Re > 13, suggesting sufficient inertial migration to equilibrium positions.
We defined efficiency of 3D single-position focusing as the ratio of the number of microparticles focused at the center of the inner sidewall of channel 1 (green dotted line) and the total number of microparticles (see Data analysis section of Methods for details). As shown in Fig. 4c , the results indicate a focusing efficiency as high as~99% at Re = 39 and >90% efficiency at Re = 15-55. At Re < 15, limited inertial effects on microparticles cause insufficient inertial migration which affects focusing efficiency. At Re > 55, focusing efficiency decreases due to additional equilibrium positions emerging near the side walls. 
3D focusing of different sized polymer beads and cells
The presented inertial microfluidic focuser can precisely focus microbeads or cells with different diameters into a 3D single position. Using a device with dimensions
μm × 50 μm × 10 mm and R 2 /R 1 = 3, microbeads with diameter a ≥ 15 μm can be successfully focused into a single position at Re = 39 with efficiency η~99% (Fig. 5) . Focusing of larger microbeads exhibits a slightly higher efficiency due to larger inertial lift forces leading to tighter inertial focusing in the given channel dimension. For microbeads with diameter a ≤ 10 μm, the device with the current dimensions exhibits only η = 55% focusing efficiency. As shown in Fig. 5a , the 10 μm microbeads were insufficiently focused into a band in upstream LAR channel caused by the significantly reduced inertial lift forces on smaller particles (F L~a 4 ) 21,34,42 leading to much slower inertial migration towards the equilibrium positions (U L~a 3 ). 21 The focusing of smaller microbeads can be easily improved by designing longer upstream LAR channel to allow equilibration before entering the downstream HAR channel or designing smaller channel cross-section to enhance the inertial lift forces (F L~Dh −2 ) for faster migration (U LD h −2 ). 34 The inertial microfluidic focuser can also focus cellular samples with high efficiency. Mouse fibroblast cell suspension with a diameter of 17.3 ± 2.2 μm and a concentration of 3.4 × 10 5 mL −1 was introduced into the device at Re = 40.
Although cells are deformable, heterogeneous and not as spherical as polymer microbeads, the device can successfully align them into the single position shown the same focusing trajectory as polymer microparticles (Fig. 5a ). It indicates robustness of the 3D focusing using inertial lift forces in this simple device. Quantitative measurements further indicate that the focusing efficiency is~100%, suggesting that device with optimized systematic parameters can focus real cellular samples into single-position with high efficiency (Fig. 5b) .
Sheathless flow cytometry with high throughput and efficiency
The inertial microfluidic single-position focuser easily lends itself to integration with flow cytometry for counting of fluorescently-labeled microbeads and cells with high efficiency and throughput, without the use of sheath flow, secondary flow or external force field (Fig. 6a) . Fluorescentlylabeled microbeads or cells were excited using a laser through a 20× objective with a spot size of~10 μm. The laser spot was focused at the half height of downstream channel 1 near inner side wall at L d1 = 10 mm. Single-position focused microparticles pass the laser spot at the same horizontal and vertical position, eliminating the variation or miscounting induced by different spatial position. Emitted light from microparticles was detected with a PMT, and further amplified and recorded with a LABVIEW data acquisition system. A representative signal is shown in Fig. 6b , with each voltage spike representing a microparticle passing the excitation laser spot. Distribution of the signal potential shows a Gaussian-like distribution with a coefficient of variation of CV = 7% indicating the high precision of the 3D focusing in the device (Fig. 6c) . In comparison, the signal acquired using a normal LAR channel has a larger CV > 13% due to microparticles being focused in two positions at different focal planes (Fig. 6d) . A throughput of 2200 s −1 was demonstrated with CV = 11% for 9 × 10 5 mL −1 concentration of 15 μm beads ( Fig. 6e-f ). The increase in CV is caused by bead aggregation and interparticle interactions, which are observed mainly in samples at higher concentrations. Notably, although only observed in a time window lasting 2 × 10 −4 s, the throughput reaches~40 000 s −1 at which the system is still able to detect and differentiate focused beads (Fig. 6g) . The inertial microfluidic sheathless flow cytometer can precisely count cellular samples without damage. Fluorescently-labeled mouse fibroblast cells (3.4 × 10 5 mL −1 )
were introduced into the device at Re = 40 and counted using We noted similar variability in our earlier work with SH-SY5Y neuroblastoma cells. 38 To assess compatibility of the system with cellular samples, we measured recovery rate and viability of cells after performing the sheathless cytometry experiments. The recovery rate, which is defined as the ratio of the concentration of cells after and before the process, is measured to be~99% (n = 3). This result suggests that cells can pass the device without lysis or clogging. Further, cells can still emit fluorescent light after passing the device, confirming the intact cell structure (Fig. 6i) . The cells were further cultured for 2 days to test the viability. All cells appeared to function and replicate normally, suggesting high viability (Fig. 6j) .
Discussion
The simplicity of the focusing mechanism and device geometry bring flexibility to the design. Designing smaller crosssection leads to shorter focusing length, thus can benefit the miniaturization of the device. For example, the total length of the device for single-position focusing of 7 μm diameter particles is calculated to be 80 mm using cross-section dimension D3. One can easily shrink the footprint by designing a device with smaller dimension D1 which shortens the length to~20 mm. On the other hand, when processing delicate samples such as cells, one can design larger channel crosssection to reduce magnitude of inertial lift forces acting on cells (F L~Dh −2 ). Although the total length of channel will increase, reducing stress due to the inertial lift forces can minimize damages or lysis, which is beneficial for focusing biological samples. Although cellular samples are generally heterogeneous and have wide size distribution, single-position focusing of cellular samples using this device still exhibits~99% efficiency with high precision. This is because the device only uses inertial lift forces without the need to balance by additional forces such as Dean drag force or electric field force. Previous devices such as microstructure array 39, 40 and spiral devices 38 achieved the single-position focusing by the balance of inertial lift forces and secondary flow-induced drag force. However, the magnitude of these forces changes with cell diameter at different rate. This feature affects the focusing of different sized cells, leading to defocusing 38 and decreasing of the focusing efficiency. 39 In the presented device, the only design criteria for focusing cells or microparticles is to have a sufficiently long focusing channel so that all the cells can migrate into equilibrium positions. We demonstrated sheathless cytometry with throughput of 2200 s −1 for polymer beads and 850 s −1 for cells at a volumetric flow rate of 0.15 mL min −1 . The throughput can be increased further using two approaches. The first is to simply increase concentration of the samples. This approach was used by Chung et al. 39, 40 to demonstrate focusing of 10 μm diameter microbeads with throughputs of~13 000 beads s
to 36 000 beads s −1 . Although using high concentration sample can directly increase the throughput an order of magnitude or higher, it may lead to potential problems such as interparticle interaction and channel clogging. The second approach is to design a device with larger cross-section. Since Re remains at the same order of magnitude (Re = 40), higher volumetric flow rate (Q~Re(w + h)) has to be used to reach the optimal Re which leads to higher throughput. For example, the flow rate used in D2 is 0.15 mL min −1 for Re = 40. In a device with cross-section D4, a flow rate of 0.21 mL min
is required for Re = 40 leading to 1.4× increasing in throughput.
In this work, we demonstrate sheathless cytometry of cellular samples with high recovery rate and viability. The compatibility with biological samples stems from the simplicity of the driving forces and the channel geometry. From the principle aspect, the device eliminates the use of sheath flow, secondary flow (and force) and external force, and only uses inertial lift forces to achieve single-position focusing. Thus it minimizes the possible damage on cells caused by these extra flow and forces during the focusing process. From the geometry aspect, the device only consists of two sections of straight channel eliminating the use of microstructures such as pillar array. This feature minimizes the possible clogging or damage as cells travel through these geometries.
In conclusion, we present a microfluidic device with simple straight geometry for ordering microparticles and cells into a single-position with high throughput and efficiency. Our approach uses the inertial lift force as the only driving force to guide microparticles and cells into a single focusing position without using sheath flow, secondary flow and other external forces which are often used by other focusing techniques. Due to the straight channel geometry, the device can be easily designed and modified using our two-stage inertial migration model for focusing of different sized microbeads or cells. We demonstrated focusing of microbeads and cells with efficiency as high as~99%. We integrated this device with a laser counting system to form a powerful sheathless flow cytometer for counting of microbeads and cells with high throughput and accuracy. Using the system, we demonstrated counting of microbeads with a throughput of >2000 beads s −1 . With further optimization, we believe the count could can be increased much further, as demonstrated by the repeated 0.2 ms windows of throughput in the~40 000 beads s −1 . We also demonstrated accurate counting of cells with 100% recovery rate and~100% viability implying the delicacy and compatibility of this approach for focusing and counting of real biological samples. We envision this 3D single-position focuser will serve as a powerful microfluidic component for cytometry as well as sorting applications by providing precise and delicate fluidic ordering and alignment of cells.
Methods
Microfabrication
We used standard soft lithography process to fabricate microchannels in polydimethylsiloxane (PDMS, Sylgard 184, Dow Corning). We used a 50 μm high master formed in MX5050 dry film photoresist (Microchem Corp.). A mixture of PDMS base and curing agent (10 : 1 ratio) were poured on the master, vacuum degassed for 120 minutes and then, cured for 4 h on a 60°C hotplate. The cured PDMS devices were peeled off the master, and inlet/outlet ports were punched with a 14 gauge syringe needle. PDMS was bonded to a standard glass slide using a hand-hold plasma surface treater (BD-20AC,
This journal is © The Royal Society of Chemistry 2015
Electro-Technic Products, Inc.). We fabricated devices with different resistance ratio R 2 /R 1 by varying the length of downstream channel 1 and channel 2. The device with R 2 /R 1 = ∞ was fabricated by selectively punching only the outlet of channel 1. Since the flow can only exit through channel 1 but not channel 2, this arrangement creates R 2 /R 1 = ∞.
Preparation of microbeads suspensions
We diluted FITC-labeled polymer microbeads with diameter of 15 μm (Bangs Laboratories Inc.) into deionized water to form a suspension with concentration of 4 × 10 4 beads mL −1 . Once suspended, cells were spun at 1000 RPM for 5 minutes. Supernatant was exchanged with IMDM to a final volume of 1 mL. Cell density was measured using a brightline hemacytometer.
Device operation and microscopic imaging
We first loaded a syringe with particle suspension and connected it to the device by using a 1/16" peek tubing (Upchurch Scientific) with proper fittings (Upchurch Scientific). We pumped particle solution into devices with designed flow rate using a syringe pump (Legota 180, KD scientific). To visualize trajectory of particle in bright-field, we used an inverted epi-fluorescence microscope (IX71, Olympus Inc.) equipped with 20× objective and a 12-bit high-speed CCD camera (Retiga EXi, QImaging). We set the exposure time to minimum value (10 μs) and sequentially took 300 images with minimum time interval. By stacking images in ImageJ, we established a complete view of particle motion.
To capture fluorescence images of particle focusing, we used the same microscope while setting the exposure time to 100 ms and sequentially taking 20 images. The images were then stacked and pseudo-colored in ImageJ.
Custom laser counting system
The custom laser counting system consists of an inverted microscope (TE2000U, Nikon Inc., Melville, NY, USA) with a 20× objective. Both FITC-labeled microbeads and cells were excited using a 488 nm argon laser (50 mW, CVI Melles Griot, Albuquerque, NM, USA) with corresponding neutral density filter (Thorlabs, Newton, NJ, USA) for power adjustment. A photomultiplier tube (H6780-20, Hamamatsu, Bridgewater, NJ, USA) was used to collect emitted light. The signal collected from the PMT was processed with a current-to-voltage preamplifier (SR570, Stanford Research Systems, Sunnyvale, CA, USA) and then further recorded using a custom LabVIEW data acquisition system (NI PCI 6036E National Instruments, Austin, TX, USA).
Data analysis
We measured the linescans of the fluorescent intensity peaks using ImageJ (Fig. 4b) . We measured the focusing efficiency of microbeads and cells by manually counting microbeads or cells in at least 100 images captured at L ds = 10 mm ( Fig. 4a  and 5a ). At least 600 microbeads or cells were counted for each experiment. Focusing efficiency was calculated as the number of beads in the expected position over the total number of beads. Each experiment was repeated at least three times for every data point.
Numerical models
We modeled devices using a commercial computational fluid dynamics software CFD-ACE+ (ESI-CFD Inc., Huntsville, AL). The module we used to solve for fluid motion in the geometry is FLOW. The physical properties of water was applied to the fluid in the simulation (density ρ = 1000 kg m −1 and dynamic viscosity μ = 10 −3 kg m −1 s −1 ). The velocity of x-direction (m s −1 ) calculated from the flow rate was applied to initial inlet velocity. We set convergence limit for mass fraction to 10
and run simulation for 3000 time steps to ensure simulation convergence. We analyzed simulation results in CFD-VIEW. We added 25 streamlines with equal distances across the channel width to visualize streamline distribution.
